The use of focused ultrasound to obtain diagnostically significant information about the eye goes back to the 1950s. This review describes the historical and technological development of ophthalmic ultrasound and its clinical application and impact. Ultrasound, like light, can be focused, which is crucial for formation of high-resolution, diagnostically useful images. Focused, single-element, mechanically scanned transducers are most common in ophthalmology. Specially designed transducers have been used to generate focused, highintensity ultrasound that through thermal effects has been used to treat glaucoma (via ciliodestruction), tumors, and other pathologies. Linear and annular transducer arrays offer synthetic focusing in which precise timing of the excitation of independently addressable array elements allows formation of a converging wavefront to create a focus at one or more programmable depths. Most recently, linear array-based plane-wave ultrasound, in which the array emits an unfocused wavefront and focusing is performed solely on received data, has been demonstrated for imaging ocular anatomy and blood flow. While the history of ophthalmic ultrasound extends back over half-a-century, new and powerful technologic advances continue to be made, offering the prospect of novel diagnostic capabilities.
Background
Ultrasound is defined as any sound higher in pitch than that detectable by the human ear, ~25 kHz (thousands of cycles per second). Medical ultrasonography, however, relies on frequencies in the MHz (millions of cycles per second) range. Like light, ultrasound can be focused, which is advantageous both for diagnostic and therapeutic applications. This report will review the use of focused ultrasound in ophthalmology.
Ultrasound technology has its beginning with Paul Langevin who, toward the end of the First World War, developed echo location as a means for detecting enemy submarines. Langevin excited a piezoelectric quartz crystal with a high-voltage transient to generate and transmit a pulse of ultrasound through seawater. Given the directional orientation of the acoustic pulse, the time interval between transmission and echo reception, and the known speed of sound in seawater, the range and direction to the target could in principle be determined. While this technology came too late to be applied during the First World War, it was extensively used and further developed by all sides during the Second World War. Medical ultrasonography, an outgrowth of wartime sonar technology, rapidly developed in the postwar era.
In Langevin's device, a quartz crystal served as a piezoelectric transducer, thickening and thinning when a positive or negative voltage potential was placed across it. The rapid expansion and contraction of the quartz crystal in response to a transient voltage spike was communicated to the seawater in which it was submerged. The resulting longitudinal acoustic pulse then propagated through the sea, returning echoes if it encountered a solid object, such as a ship or submarine. When such echoes returned to and interacted with the transducer by compressing and decompressing the piezoelectric crystal, the process was reversed, generating small voltages that were then amplified for detection. Modern medical ultrasound is based on the same general principles.
The physical basis of diagnostic ultrasound imaging is that a propagating ultrasound wave will undergo partial reflection when it encounters an inhomogeneity in acoustic impedance (density × speed of sound) in the propagation medium. Thus, ultrasound images can be thought of as depicting density variation rather than density itself, as does an X-ray. A medium in which density is constant will therefore produce no internal echoes no matter if the density is high or low. Ultrasound refraction and reflection are described by Snell's law and these processes are exactly analogous to refraction and reflection of light.
Transducer and probe design
The piezoelectric element of medical transducers is most often a ceramic material such as lead zirconate titanate, although polymeric polyvinylidene fluoride is used in highfrequency applications. There is ongoing interest in the development of nontoxic, environmentally friendly, lead-free piezoelectric materials for medical ultrasound. 1 Ultrasound probes can be composed of either a singleelement or an array of elements ( Figure 1 ). In single-element transducers, which are the most common configuration in ophthalmology, the emitted ultrasound can be focused either by curvature of the element itself (most common with polyvinylidene fluoride) or use of a lensing material (most common with lower frequency ceramic piezoelectric materials). Single-element transducers thus have a fixed focal length. For a 10 MHz transducer used for general purpose ophthalmic imaging, a focal length of ~20 mm is typical of the design, placing the focal zone slightly anterior to the posterior coats during a contact scan. In such probes, the transducer is mechanically pivoted to sweep out twodimensional sector B-scans.
Arrays can be either linear or annular. A linear array consists of many individual transducer elements spaced one wavelength or less apart. By introducing precise time delays in the excitation of individual piezoelectric elements (beamforming), a converging wavefront can be formed from the individual emissions, effectively producing a focused ultrasound beam in the azimuthal plane in which the elements are aligned. A cylindrical acoustic lens is used to create a fixed focus in the elevation axis normal to the azimuthal plane. Synthetic focusing allows the array's focal length in the azimuthal plane to be varied at will or even to create multiple focal zones in one image to provide an extended depth-of-field. Linear arrays also provide a faster scan rate than single-element sector probes because scanning is performed electronically rather than mechanically. As frequency increases, however, the array elements must be made smaller (as wavelength, λ = c/υ, where c = speed of sound and υ = frequency) and they and associated electronics packed more and more tightly together, making fabrication difficult and expensive.
An annular array consists of a series of concentric transducer elements. In annular arrays, far fewer elements are required than in linear arrays, facilitating fabrication of high-frequency probes. Ketterling et al developed prototype 5-element 20 and 40 MHz annular arrays for ophthalmic imaging as an intermediate step between single-element probes and linear arrays. 2 As in linear arrays, computercontrolled synthetic focusing by precise control of the timing of excitation and reception from each element provides a significant improvement in depth-of-field. However, because of the annular arrangement, synthetic focusing is only along the beam axis and the probe must still be mechanically scanned to obtain a B-scan. The requirement for mechanical scanning makes this configuration no faster in imaging speed than single-element probes, but the simple design in comparison to linear arrays and axial symmetry of the beam profile offer attractive characteristics for imaging the eye. 
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Resolution
Focusing is required to provide a clinically useful resolution. In general, resolution improves as frequency increases due to the inverse relationship between λ and υ. However, although an ultrasound transducer has a single nominal frequency, for example, 10 MHz, it actually emits energy over a range of frequencies, for example, 7-13 MHz, peaking at or near the nominal center frequency. This range is referred to as the transducer's bandwidth. As bandwidth increases, the temporal duration and axial length of the acoustic pulse decrease. Wavelength imposes a limit to this process because an acoustic pulse must comprise at least one complete cycle of compression and rarefaction. "Axial resolution" refers to how close together two reflectors can be along the direction of acoustic propagation while still being distinguishable from each other. Axial resolution is computed as cL/2, where L is pulse duration. As bandwidth increases, pulse duration decreases and axial resolution improves. "Lateral resolution" refers to the ultrasound system's ability to distinguish two reflectors positioned next to each other with respect to the ultrasound beam axis. This characteristic is affected by both frequency and focal properties. Lateral resolution in the focal plane is computed as f λ, where f is the focal ratio (focal length/aperture). As f decreases, the transducer becomes more highly focused. Lateral resolution will be greatest in the focal plane of the transducer and will increase as f decreases. With decreasing f, however, the region along the beam axis in which the transducer is well focused (depth-of-field) becomes smaller. For low f-values, lateral resolution degrades rapidly outside of this focal zone.
Imaging modes
There are two principle modes in which diagnostic ultrasound is utilized in ophthalmology: A-and B-scans.
A-scan
In the A-scan, the transducer emits an ultrasound pulse and the range to reflectors is determined based on the time interval between pulse transmission and echo return and the known tissue speed of sound values, very much as in Langevin's echo-location technique. A-scans are displayed as a plot of echo amplitude as a function of range. A-scan of the eye was described by Mundt and Hughes 3 and Oksala and Lehtinen 4 in the 1950s. Jansson, Begui, and Oksala and Lehtinen made crucial measurements of the speed of sound in ocular tissues, including cataractous lenses. [5] [6] [7] [8] [9] By the mid-1960s, Coleman and Carlin had developed the first A-mode system for clinical axial length determination. 10 Given a known speed of sound value, the range to an echo is simply cΔt/2, where Δt represents the time interval between pulse generation and echo reception. The factor of 2 is required because we must consider both the travel time of the pulse to the reflector and the time for the reflection to return to the transducer. As the speed of sound in the eye averages ~1,532 m/s, if we consider the distance to the orbital apex to be ~5 cm from the eye surface, then the maximum travel time is ~65 μs. Thus, for imaging the eye out to the orbital apex, the minimum interval between successive A-scan measurements cannot be much ,0.1 ms, as we must wait for all echoes to return before launching the next pulse. As pulse duration is only a few nanoseconds, the transducer spends little time actually transmitting and most of its duty cycle is spent waiting passively for echo reception.
A-scan was utilized in many early studies for characterization of ocular pathologies, especially intraocular foreign bodies. [11] [12] [13] An entire A-scan-based methodology called "standardized echography" was developed by Ossoinig for identifying and differentiating pathologies, including retinal detachment, vitreous membranes, hemorrhage, and tumors on the basis of A-scan patterns and amplitudes in relation to a tissue reflective standard.
14 Nevertheless, the primary impact of the A-scan has been in axial length determination.
The parallel development of biocompatible lens implants, phacoemulsification, and A-scan biometry enabled the widespread adoption of surgical cataract removal plus intraocular lens (IOL) implantation to treat cataracts, which had been a major cause of blindness and still remains the primary cause of blindness outside the developed world. Significant advances in cataract surgery were contemporaneous with the development of the A-scan: Howard Ridley, a British ophthalmologist, noticed that intraocular fragments of shattered acrylic Second World War fighter canopies were often well tolerated and he developed the first IOL from this material. 15 Phacoemulsification, in which the cataract is broken into fragments by ultrasound energy, was developed by Charles Kelman approximately 1967. 16 In order to determine the optical refractive power of an IOL, however, one needs to know both corneal curvature and axial length. Prior to the advent of ultrasound determination of axial length, IOL power was estimated using the formula P=18+1.25D, where D is the preoperative refractive error in diopters. This method resulted in half of the patients having a postsurgical refractive error of 1D or more, and sometimes much more. Ultrasound A-scan supplied the missing piece enabling calculation of the required refractive power of an IOL so that its focus would fall on the macula and an optimal postoperative visual outcome would be achieved. In the 1970s, several investigators developed 
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Silverman theoretical formulae for the calculation of IOL power by relating refractive outcome to presurgical values of axial length, corneal curvature, and in some cases anterior chamber depth. [17] [18] [19] [20] [21] In contrast, the SRK (Sanders-Retzlaff-Kraft) formula is an empirically derived regression equation fitting postsurgical refractive outcomes to axial length and keratometry. 22, 23 Many of these formulae have been modified over the years to yield increasing accuracy in IOL powering.
A-scan measurement of axial length (Figure 2 ) may be performed in either a contact or immersion exam. In the contact exam, a topical anesthetic drop is applied to the eye and the probe, which has a coaxial fixation light, is gently brought into contact with the central cornea. Modern systems automatically produce on the order of thousands A-scans/ second and can recognize and acquire a set of data when the probe is appropriately aligned along the visual axis.
Immersion exams involve insertion of a scleral shell, which simultaneously keeps the eyelids open and allows formation of a fluid medium over the eye into which the probe is placed and data similarly acquired, but without touching the cornea. The immersion technique is more complex, but is regarded as the gold standard because there is no concern that the measurement might be affected by indentation of the cornea that might occur in a contact exam. Commercial A-scan systems include software implementing one or more lens powering formulae.
Corneal pachymetry is also performed by A-scan. Ultrasound pachymeters (or sometimes "pachometers" 24 ) operate at 20-50 MHz, significantly higher in frequency than axial length probes, and are designed to measure central corneal thickness in a contact exam. Higher frequency probes can also measure the thickness of corneal layers, including the epithelium. The probes are lightweight, handheld, and battery powered and so cables are avoided. Some systems support wireless data communication. The chief drawback of handheld pachymetry is that it is a point measurement. While pachymetry can be performed outside the central zone, positional reproducibility is always a factor.
B-scan
The second major ophthalmic ultrasound mode is the B-scan, initially developed in 1958 by Baum and Greenwood 25 and followed soon thereafter by others. 26, 27 In B-mode (Figure 3 ), the focused, single-element ultrasound transducer is mechanically pivoted while pulsing and receiving at a series of angular increments to sweep out a sector. From the orientation of the probe at each moment and the range to each echo, a twodimensional image of the eye, a B-scan, can be generated by setting pixel brightness at each position proportional to echo amplitude. B-scan requires a means for ascertaining transducer orientation, such as a positional encoder incorporated into the motion system. In the 1960s, Coleman et al 28 and Purnell 29 separately developed immersion B-scan systems in which a normal saline bath was formed between the eye and the transducer, allowing the transducer to be mechanically moved without touching the eye to produce B-scans. The first enclosed B-scan probe for contact ultrasound examination of the eye was developed by Holasek et al. 30 Shortly thereafter, Bronson 31 developed a contact B-scan that became the prototype of clinical systems to follow. While early analog technology used storage oscilloscopes and Polaroid cameras for screen capture, modern systems are fully digital. Current commercial ophthalmic B-scan systems typically produce approximately ten images per second and allow storage of 
1869
Focused ultrasound real-time "cineloops" as well as individual images. Such systems also incorporate biometry modules, which can be used for the measurement of the dimensions of space-occupying lesions, such as tumors and cysts as well as other structures. In certain instances where A-scan biometry is unreliable, such as in an irregular staphylomatous globe, axial length can be determined by immersion B-scan (Figure 2, bottom) .
Just as the corneal pachymeter is a high-frequency adaptation of A-mode, ultrasound biomicroscopy (UBM) is a high-frequency B-scan modality. In 1989, Sherar and Foster described fabrication of polymer transducers with frequencies of up to 100 MHz 32 and demonstrated a prototype B-scan system with ex vivo images of the eye. 33 Clinical application was first described by Pavlin et al in the early 1990s. 34, 35 Because wavelength is inversely related to frequency, higher frequencies provide better resolution (wavelength ≈150 μm at 10 MHz versus 30 μm at 50 MHz). Unfortunately, absorption increases exponentially with frequency. Even the vitreous, which is 99% water, significantly attenuates ultrasound in the UBM frequency range, preventing its use for retinal imaging. As a consequence, UBM is only applicable to the anterior segment.
Because of attenuation by the eyelid, UBM exams are performed with open lids after administration of topic anesthetic drops. Unlike 10 MHz probes, UBM probes are not sealed, that is, the transducer is exposed during scanning, necessitating a means for fluid standoff between the transducer and the eye. The exam may be performed using a scleral shell, and this is still used by many; however, disposable water-filled bubble tips are now available to place over the front of the probe. During the exam, the thin polyethylene membrane of the bubble-tip is placed in contact with the surface of the eye, providing sufficient flexibility for adjusting position, orientation, and range to image all anterior segment structures. Figure 4 provides examples of UBM images, and Figure 5 demonstrates a combined 10 MHz and UBM exam.
A unique technology for anterior segment imaging and biometric analysis of the cornea is the Artemis system, introduced in the early 2000s as a commercial outgrowth of work by Silverman et al. 36 The Artemis uses a disposable 
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Silverman eyepiece to form a normal saline coupling medium between the 35 MHz transducer and the eye. The instrument moves the transducer in an arc so that the beam axis maintains approximate normality to the surface of the cornea during scanning, which allows acquisition of data over the full corneal diameter. (A conventional sector or linear scan geometry limits data to the central 3 mm zone because of the specularity of the corneal surfaces and the limited depthof-field of UBM transducers.) In addition, the instrument provides a fixation light and infrared camera for visualization of the eye during scanning. By performing a series of scans at successive clock hours, and measuring the thickness of the epithelium and stroma at each position, maps of the thickness of each layer (including the flap in laser-assisted in situ keratomileusis-treated eyes) can be generated. A noteworthy accomplishment achieved by Reinstein et al using this device was the first documentation of epithelial remodeling following ablative corneal refractive surgery (where epithelial thickening over the ablated zone occurs) 37 and in keratoconus (where epithelial thinning over the apex occurs). 38 An updated version of this technology, the Insight-100, was recently introduced by Arcscan, Inc. (Golden, CO, USA) and a representative B-scan and series of pachymetric maps on a laser-assisted in situ keratomileusis-treated eye are provided in Figure 6 . Surprisingly, probes offering frequencies intermediate between standard 10 MHz and UBM ($35 MHz) did not become available until about 2004, when reports by Coleman et al and Hewick et al described the advantages of newly introduced 20 MHz probes for retinal imaging. 39, 40 As would be expected, 20 MHz probes offer superior resolution with respect to 10 MHz probes (Figure 7) , and are thus useful for detailed examination of the retina and optic nerve head. Although they provide sufficient penetration to examine the anterior orbital structures (muscles, optic nerve, etc), attenuation limits their capacity to penetrate deeply into the orbit, and low-intensity scatterers within the vitreous are better depicted at 10 MHz. Probes at this frequency are now available in commercial systems.
Optical coherence tomography versus ultrasound
Optical coherence tomography (OCT) of the retina was introduced by Huang et al. 41 OCT is in many respects an optical analog of ultrasound and even shares its nomenclature (A-and B-scans), but is based on detection of reflected light by optical interferometry. Because light scattering and reflection result from the presence of discontinuities in refractive index, OCT images have an overall similar appearance to ultrasound images, which depict acoustic impedance discontinuities. But, because optical wavelengths are much shorter than ultrasound wavelengths and because light can be better collimated and focused, finer axial and lateral resolution can be achieved by OCT.
While early OCT systems used time-domain methods that required mechanical scanning in the range axis, modern systems are either spectral domain (using a broadband light source, grating, and line scan camera to acquire the backscatter spectrum along each line-of-sight, eliminating the need for mechanical scanning) 42 or swept-source (where the light source itself sweeps through a range of frequencies to allow acquisition of the reflectance spectrum). 43, 44 These advances 
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Focused ultrasound in OCT technology have allowed introduction of high-speed instruments producing images with sufficient sensitivity and resolution to evaluate the retinal layers and choroid. Many OCT systems include optics for evaluation of the anterior segment. Recently introduced OCT-angiography allows visualization of retinal capillary networks without the need to inject dye. 45 OCT is advantageous because it is noncontact, highresolution, high speed, and can be performed in the context of a real-time en face image of the retina so that there is 
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Silverman no question where the image is from anatomically. Threedimensional scanning is readily achieved. Because of these characteristics, OCT is the method of choice for retinal examination. Ultrasound, however, retains its importance for imaging wherever light cannot reach, such as the orbit, pigmented tumors, the retro-iridal space, and the ciliary body or where media are optically opaque due to corneal scarring, cataract, or hemorrhage. Optical interferometry is also now widely used for axial length measurement, but where cataracts are dense, A-mode ultrasound is performed. Ultrasound is also advantageous for imaging the vitreous in a kinetic exam, in which voluntary saccades allow assessment of organization and traction where hemorrhage, membranes, posterior vitreous detachment, or retinal detachment are present. This is not possible in OCT as scanning must be performed through the pupil.
High-intensity focused ultrasound
At high intensity, ultrasound can produce significant biologic effects through cavitation and thermal mechanisms. Diagnostic ultrasound instrumentation is designed to avoid such effects. In fact, the US Food and Drug Administration (FDA) 510k standard for ophthalmic ultrasonography 46 is more stringent than for any other anatomic site. Substantial research, however, has been performed on the application of high-intensity ultrasound to produce therapeutic effects in the eye. Coleman et al and Lizzi et al developed a system for generation of high-intensity focused ultrasound (HIFU) in the late 1970s [47] [48] [49] and investigated applications, including repair of lens capsular tears, 50 accelerated resorption of vitreous hemorrhage, 51 treatment of retinal detachment, 52 and treatment of uveal melanoma in conjunction with brachytherapy. [53] [54] [55] However, the primary clinical application of HIFU in ophthalmology is treatment of glaucoma. HIFU treatment of glaucoma is an ablative technique in which the ultrasound beam is focused on the ciliary body. The HIFU transducer assembly developed by Lizzi and Coleman included an 80 mm diameter focused piezoelectric element for generation of HIFU, a diagnostic transducer for ranging, and a coaxial light beam for aiming. In general, six circumferential spots located 1 mm posterior to the limbus were treated with 5-second long exposures of continuous focused ultrasound, producing thermal damage in the ciliary body. Experimental preclinical and clinical findings demonstrated significant reduction in intraocular pressure following treatment, presumably due to impairment of aqueous production and possibly enhancement of transscleral outflow. [56] [57] [58] [59] A commercial system, the Sonocare CST-100, was developed and a multicenter study performed confirming its safety and efficacy. 60, 61 While the Sonocare system, which was the first FDA-approved HIFU device in any clinical specialty, 62 was ultimately commercially unsuccessful due to the contemporaneous introduction of laser surgery and improved medical therapy, HIFU techniques for glaucoma treatment continue to be investigated.
63,64

Unfocused ultrasound
While it would seem intuitively obvious that ultrasound must be focused to create useful diagnostic images, a recently developed linear array-based technology called "compound coherent plane-wave imaging" produces B-mode images at 
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Focused ultrasound ultrafast rates using unfocused ultrasound. In conventional linear arrays, subgroups of elements produce a focused beam that is scanned back-and-forth from one end of the array to the other to produce B-mode images. In plane-wave imaging, all array elements fire at once to produce one, unfocused wavefront, and focusing is achieved by processing of digitized echo data. 65 This is accomplished iteratively for each image pixel position by introducing appropriate time delays to echo data received by each array element and summing, which is precisely the inverse of how arrays conventionally produce a focused beam on transmit. While computationally intensive, this inverse beamforming process can be readily accomplished in real-time with appropriate instrumentation and software.
Compounding consists of emitting plane-waves at a series of angles and combining echo data received from each angle to form a final compound image. Compounding improves both lateral resolution and signal-to-noise ratio. However, the rate at which compounded images are generated is inversely proportional to the number of angles.
Because plane-wave images are formed with each excitation, a speedup in imaging rate of two orders of magnitude compared to conventional linear arrays and three orders of magnitude compared to mechanically scanned probes is achievable, making it ideal for imaging blood flow and other transient motions. Also, because the emitted ultrasound is unfocused, acoustic intensity is significantly reduced compared to that of a conventionally focused linear array. This factor is of particular significance in ophthalmology because focused Doppler systems typically exceed FDA ophthalmic regulatory guidelines. 46 Ultrafast plane-wave technology, plus the recent introduction of linear arrays of 15 MHz and above, brightens the prospect for improved and more capable systems for ultrasound imaging of the eye, especially visualization and measurement of flow. We recently reported on the use of this technique to image the eye at up to 20,000 B-scans per second with an 18 MHz linear array at intensities well within FDA guidelines, demonstrating depiction and measurement of flow in the major orbital vessels and the choroid both in real-time and, with higher resolution and sensitivity, in postprocessed data. 66 Examples of compound plane-wave images depicting anatomy and blood flow in the region of the posterior pole are provided in Figure 8 . This emerging technology offers the promise of a safe and effective means for imaging blood flow in neoplasms, vascular malformations, and in the choroid, orbital vessels, and anterior segment in diseases where perfusion may play a significant role in pathogenesis and progression, including diabetic retinopathy, glaucoma, maculopathies, and retinopathy of prematurity.
Conclusion
While focused ultrasound imaging of the eye is a mature technology, continuous advances in instrumentation, transducer design, computational power, and signal-processing are opening new avenues for improvement in imaging and therapeutic intervention. The introduction of ultrafast plane-wave systems in particular heralds an era in which ocular blood flow will be depicted and measured at safe intensities, opening a new and heretofore closed window for understanding disease mechanisms and improving clinical management.
